Abstract-A catheter-based RF receiver for internal magnetic resonance imaging is demonstrated. The device consists of a double-sided thin-film circuit, wrapped around a hollow catheter and sealed in place with heat-shrink tubing. Signals are detected using a resonant LC circuit at the catheter tip and transmitted along the catheter using an array of coupled LC circuits arranged as a magneto-inductive waveguide, a form of low frequency metamaterial. Coupling to a conventional RF system is accomplished using a demountable inductive transducer. Protection against external B 1 and E fields is obtained by using figure-of-eight elements with an electrical length shorter than that of an immersed dipole. The system is primarily designed for biliary imaging, can pass the biopsy channel of a side-opening duodenoscope, and is guidewirecompatible, potentially allowing clinicians to implement MR image guided procedures without changing their standard practice. Decoupling against B 1 and E fields is verified, and in vitro 1 H magnetic resonance imaging with submillimeter resolution is demonstrated at 1.5 T using phantoms.
I. INTRODUCTION

R
ADIO frequency (RF) receivers are required for highresolution internal magnetic resonance imaging (MRI) of small vessels such as arteries and biliary ducts. Although small coils generally have low Q factors, a larger filling factor can be obtained from close coupling to the signal source, leading to a greater signal-to-noise ratio (SNR) at the price of a reduction in field of view (FOV) [1] . The earliest systems used wire-wound coils mounted on catheters [2] - [5] . Later systems have used two-wire transmission lines [6] , meanderlines [7] , and loopless catheter antennas [8] , [9] . Considerable efforts have also been made to allow catheter visualization [10] - [13] .
Internal imaging has also been carried out using inductively coupled coils, and SNR improvement over surface coils has again been demonstrated [14] , [15] . However, this approach works best when the internal coil is in a fixed location and orientation (ideally with its plane near and parallel to the surface), and it may be difficult to achieve rapid matching during an investigative procedure when the coil is moving.
Despite successful results, a number of difficulties remain. The detectors require tuning, matching, and decoupling from the B 1 field of the transmitter. In addition, linear conductors immersed in tissue (a medium with high dielectric constant at RF [16] ) can be heated by the E-field of the transmitter if their length allows standing-wave excitation [17] , [18] . Attempts have, therefore, been made to develop MR-safe cables using chokes [19] or transformer subdivision [20] , [21] . The result is an increase in complexity, making compact catheter receivers hard to construct. The difficulties are compounded in devices intended for biliary imaging, when the catheter must pass the biopsy channel of a duodenoscope and make a 90
• turn on exit, but still provide a clear lumen for a guide-wire to assist with cannulation.
We have been developing an alternative approach based on flexible thin-film circuits that are wrapped around the outside of a catheter and held in place with heat-shrink tubing. If the necessary electrical features can be combined, this approach should allow batch fabrication of disposable imaging catheters. To date, we have demonstrated RF receivers with an internal coaxial output [22] , and receivers with an external thin-film cable [23] , [24] . In each case, double-sided patterning of copper-clad polyimide was used to combine two-turn spiral inductors with capacitors for tuning and matching. Small microfabricated coils have of course been fabricated on rigid substrates [25] - [27] . More recently, flexible substrates and capacitor integration have been investigated [28] - [31] . We have used step-and-repeat patterning to batch-fabricate continuous nonmagnetic circuits that are devoid of protrusions and long enough for endoscopic use. The quality of images obtained using in vitro specimens has been high. However, lack of protection has meant that the coils are sensitive to external B 1 fields, while the thin-film transmission line (a periodically defected microstrip [23] ) is sensitive to E-fields.
Here, we demonstrate a thin-film catheter receiver aimed at overcoming these difficulties. The circuit again combines a resonant detector with an output cable. However, the detector is now designed for reduced sensitivity to uniform external RF magnetic fields, while a magneto-inductive (MI) 0018-9294 © 2013 IEEE waveguide [32] - [34] is used for signal transmission to avoid electrical heating. MI waveguides are a form of low frequency metamaterial and have a low-loss cable format [35] that is insensitive to bending [36] and can connect to real impedance using simple transducers [37] . Transformer-segmented MR-safe cables are variants of MI waveguides [38] . The system is intended for endoscopic delivery, is guide-wire compatible, and is provided with a demountable connector for additional safety. The receiver is designed for 1 H MRI at 1.5 T using a conventional clinical scanner. Methods and materials are described in Section II, and the results of mechanical and electrical characterization are presented in Section III, together with a verification of decoupling and a demonstration of MRI. Conclusions are drawn in Section IV.
II. METHODS AND MATERIALS
A. Design Fig. 1(a) shows an MI waveguide, a periodic array of lowfrequency LC resonators with internal resistances R, coupled together by mutual inductances M .
Here, I n is the current in the nth element. Assumption of wave solutions I n = I 0 exp(-jnka), where I 0 is the wave amplitude, k the propagation constant, and a the period, leads to the dispersion relation
Here, ω 0 = 1/ √ (LC) is the angular resonant frequency of the elements, and Q = Q 0 ω/ω 0 , where Q 0 = ω 0 L/R is the Q-factor. Generally, the propagation constant is complex. Writing k = k -jk , equating real and imaginary parts and assuming k is small, one obtains
The upper equation is the dispersion relation for loss-less MI waves. For positive κ, propagation is allowed only over the frequency band 1/
. k a tends to zero and π at the two band edges. The effect of finite Q-factor is to introduce loss and allow propagation out of band. The lower equation is the approximate loss variation. Loss is minimized at resonance (when k a ≈ π/2) and inversely proportional to both κ and Q 0 . The characteristic impedance is Z 0 = jωM sin(ka) [34] , which for low loss reduces to the real value Z 0M = ω 0 M at resonance.
A link between a source and a load with real impedance Z 0 may be constructed as shown in Fig. 1(b) . Here, the terminating elements are coupled to the cable via slightly different resonant loops with parameters R , L , and
, impedance matching will be achieved at resonance, and reflections minimized over the passband.
A receiver may be constructed by replacing the source with a resonant detector, as shown in Fig. 1(c) . In this case, the output impedance of the source is now equal to the loop resistance (at least, for light tissue loads). Assuming the parameters of the detector are the same as the cable elements, impedance matching now requires that ω 0 M = √ (RZ 0M ). A matched system will clearly allow propagation of a current wave generated by an induced voltage V S toward the load. However, a similar voltage in one of the cable elements, as shown in Fig. 1(d) , will also generate a pair of waves. One will travel toward the detector, where it will be absorbed. However, the other will again travel toward the load. Although the signal amplitude will be lower for each individual wave, the cable will, therefore, provide an imaging capability along its entire length. In this respect, the design is similar to the twisted pair receiver of Burl [10] . However, the arrangement here is a cascade of coupled resonators and can be made of arbitrary length without compromising safety.
The main design tasks are to achieve low propagation loss and impedance matching. The former merely requires strongly coupled chains of high-Q resonators. The remaining details now depend on the cable used. For example, Z 0M can be made equal to standard RF system impedance (50 Ω) through careful design [35] . In this case, ω 0 M = Z 0M , so the value of M needed is simply M . More generally, Z 0M will not equal 50 Ω. However, if the final coupling element is removable, matching can be achieved by adjusting the number of turns and position of this element. The detector matching condition clearly requires knowledge of R; however, this may be found experimentally from the Q-factor. The arrangement needed may then be estimated geometrically, as described later.
The performance of the systems in both Fig. 1(b) and (c) may be simulated by solving the circuit equations numerically and extracting the transmission and reflection efficiencies. As an example for comparison with later experiments, we assume a 15-element cable with parameters f 0 = ω 0 /2π = 63.8 MHz, Q 0 = 40, κ = 0.63, and Z 0M = 40 Ω. We also assume that the inductance of the terminating elements is L = 1.6 L, but has a similar Q-factor. Fig. 2(a) shows the frequency response of the link. The link allows transmission over a limited passband, with a loss of around 6 dB at the resonant frequency f 0 . The system is matched at f 0 , but resonances can be seen elsewhere. These correspond to standing modes within the passband. Fig. 2(b) shows the corresponding plot for the detector. Transmission is again restricted to the MI band, but peaks at f 0 , implying that the system is acting as a resonant detector.
B. Physical Implementation
Practical implementation requires an intrinsically safe format capable of integration on a catheter without additional components. Fig. 3(a) shows the design of a single resonant element. The inductors are single-turn loops, with a figure-of-eight layout for protection against uniform B 1 fields. The loop width is πr, so that the conductors are diametrically opposed when wrapped around a catheter of radius r. The loop length 2a is less than the critical length at which standing wave heating of an immersed element can be induced by an external E-field (around 28 cm for 1 H MRI at 1.5 T [18] ). The ends of the inductors are connected to a pair of capacitor plates, which lie parallel to the conductors. A second pair of plates is provided on the rear of the substrate. Overlay yields a resonant loop containing two inductors (of value L/2) and two capacitors (of value 2 C), leading to the correct series totals. No vias or airbridges are needed to complete the circuit. Fig. 3(b) shows the complete receiver. In the cable section, the resonant elements are overlaid to their maximum extent, to minimize propagation loss. Suitable inductor dimensions were determined by a combination of experiment and simulation. The value and dimensions of the capacitor needed to set the resonance were then estimated from L, and the permittivity and thickness of the dielectric. Where necessary, the resonant frequency was tuned by trimming the capacitors. The detector is a further figure-of-eight loop, partly overlapping the final cable element. The overlap b needed for impedance matching was estimated as b/a = √ (R/Z 0M ). The coupling transducer was a two-turn rectangular inductor of similar size.
To reduce friction in the 3.2 mm diameter biopsy channel of an available duodenoscope, elements were designed for mounting on a 2.25 mm diameter catheter scaffold. To pass the channel (internal length 1.4 m) and allow a working distance, cables were designed for an overall length of 1.6 m. This distance was achieved using 15 elements with an overall length of 200 mm and a period of a = 100 mm. Inductor track widths were 0.5 mm, and capacitors were formed using strips of 0.75 mm width. Circuits were formed in arrays of 24 off, by the U.K. company Clarydon (Willenhall, West Midlands, U.K.). The starting material consisted of 17.5 μm thickness of Cu on 25 μm thickness of Kapton HN (DuPont High Performance Films, Circleville, OH, USA). This material has excellent electrical properties. The Cu conductivity is close to that of bulk material, while the dielectric has a low loss tangent (0.006). Fabrication was carried out by step-and-repeat exposure to 2-m long photomasks, followed by development and wet etching. A similar process was used to form two-turn inductors for use as coupling transducers.
Thin-film circuits were integrated onto catheters, as shown in Fig. 4 . The scaffold was a single lumen PTFE tube (Type HW16, Adtech Polymer Engineering, Stroud, Gloucester, U.K.). This material was held on a stretched wire jig. The PCB was then trimmed and mounted on the catheter with adhesive tape, as shown in Fig. 4(a) . The cladding is a thin-walled polyolefin heatshrink tube containing a plasticiser (Type SPTW, ShrinkTek Polymers Int., Cheltenham, Gloucester, U.K.). This material was passed over the catheter and heated to seal the assembly, as shown in Fig. 4(b) . Inductive transducers were constructed from two-turn thin-film inductors, which were epoxied onto the inside of a split Perspex clamp equipped with a RF connector. The clamp was attached to the outside of the catheter, as shown in Fig. 4(c) .
The use of identical elements for signal detection and transmission considerably simplifies development. Only the parameters of the MI waveguide are important, and their values were found from experiments. Measurement of the resonant frequency f 0 = ω 0 /2π of isolated inductors after the addition of a known capacitor (using an Agilent E5061A network analyzer, with inductive probes for excitation and detection) allowed extraction of the self-inductance L. Similarly, measurement of the resonant frequency and Q-factor of inductors with integrated capacitors allowed the capacitance C and resistance R to be determined. Measurement of the two resonant frequencies f 1 and f 2 of the coupled system formed by pairs of elements allowed an estimate of the mutual inductance M . Suitable layouts were then achieved by iteration.
C. Axial Variation in Sensitivity
Within each element, the transverse variation in sensitivity of the receiver can be assumed to be that of a rectangular loop. The axial variation in sensitivity is more complicated. Although the equivalent circuits in Fig. 1(c) and (d) provide a broad description of signal detection, the strong overlap of the elements in Fig. 3(b) introduces some modifications. We, therefore, provide a more detailed explanation in terms of MI waves.
Consider a group of spins in position 1 in Fig. 3(b) , close to the left-hand half of the detector. We shall assume these are capable of generating a voltage V S in the loop. Assuming perfect matching and ignoring propagation loss, this voltage will excite an MI wave that carries a signal power P 1 = V 2 S /8R = P S toward the load. The same group of spins in position 2 will not generate a signal, because any induction in the left-and righthand halves of the detector will cancel. Consequently, P 2 = 0. For position 3, we would expect a voltage V S , and hence, a power P 3 = P S once again. For position 4, we would expect the same result for the detector. Here, however, the spins can also couple to the left-hand half of the first cable element. A voltage V S induced here will lead to a pair of current waves, propagating in either direction. The wave traveling toward the detector will simply be absorbed, leaving the other carrying a signal power P S = V S /8Z 0M toward the load. Because R << Z 0M , P S must be much less than P S . Consequently, we can assume that P 4 ≈P S to reasonable approximation. For position 5, the signal is only induced in the first cable element. In this case, the voltage leads only to the reduced power P 5 = P S in the load. Clearly, P 6 = 0 once again. For position 7, the signal is induced in both the first and second cable elements, generating a pair of current waves in each case. However, the waves traveling toward the load are in quadrature, so the total power carried is P 7 = 2P S . The remainder of the pattern repeats, with P 8 = 0, P 9 = 2P S , and so on. Thus, the expected axial variation is as shown in Fig. 3(c) . Sensitivity peaks in the detector elements. There is a large reduction just beyond and a small recovery to uniform sensitivity in the cable elements.
D. Decoupling Against External Fields
Decoupling against B 1 fields will degrade when the voltages induced in each lobe of the figure-of-eight elements no longer cancel. The worst case occurs when an element is abruptly bent through an angle θ at its midpoint, as shown in Fig. 3(d) . If it is oriented so that one lobe has its normal in the B 1 direction (considered fixed, for simplicity), the reduction in induced voltage compared with a similar untwisted element is A V = [1 -cos(θ)]/2, with a corresponding power reduction of A P = 20 log 10 (A V ) (dB). Performance improves if the element is not bent abruptly, if it is not bent at its midpoint, or if it has a more favorable orientation. For example, if the bend occurs half-way along one lobe, A V improves to [1 -cos(θ)]/4.
For an untwisted loop of area S oriented perpendicular to a flux density B 1 varying at ω, the induced current is I = jωB 1 S/R, where R is the loop resistance. This result can be written as I = jB 1 QS/L, where Q is the quality factor and L is the inductance. Taking into account decoupling in a twisted loop, the current reduces to I = jB 1 QSA V /L. This current will generate a magnetic field. For a single conductor with a circular section, the flux is circumferential and can be found as B φ = μ 0 I/2πr. B φ is clearly proportional to B 1 , and the radius r = μ 0 QSA V /2πL at which they are comparable will determine the distance at which significant artifacts are seen. For the coils used here, Q = 40, S = 200 × 3 × 10 −6 m 2 , L = 0.275 × 10 −6 H, and hence, r = 0.01745 A V m. This analysis leads to the data in Table I , which suggest that the decoupling will be effective and the artifact range small at least till θ = 30
• , and to larger angles in more gradual bends.
Several authors [20] , [21] have commented on the need for low parasitic capacitance between sections in transformersegmented lines, since this will allow ac common-mode current induced by external E-fields to flow across the boundaries between elements. We cannot eliminate this capacitance, but have minimized its effect by staggering the conductors of adjacent elements laterally as shown in Fig. 3(b) , so they do not overlay exactly.
III. RESULTS
A. Assembly and Mechanical Evaluation
Visual inspection showed that the circuits were printed reliably, with good front-to-back alignment. Construction required removal of excess material from PCB edges, and the use of Kapton tape to fix the circuit while the heat-shrink sleeve was applied. Care was needed to ensure the PCB was coaxially aligned, and that sheathing did not introduce folds. Fig. 5(a) shows stages in catheter integration, namely a section of cable (top), a partly sheathed catheter, a fully sheathed catheter, and a completed receiver (bottom).
Completed catheters were mechanically flexible. However, the cable layout places conductors at some distance from the neutral axis, resulting in an increase in bending stiffness over that of the scaffold. One solution might be a meandered layout. Fig. 5(b) shows the proximal end of completed catheter receiver with the demountable transducer attached and passing into the biopsy channel of a nonmagnetic duodenoscope designed for interventional MRI (Endoscan, London, U.K.). Fig. 5(c) shows the distal end of the catheter emerging from the side-port at the tip. The catheter is clearly small and flexible enough to pass the biopsy channel. However, careful insertion was required to avoid buckling. Some damage to the heat-shrink was also noted on retraction, caused by an internal joint between sections of the biopsy channel. Further work is, therefore, required to develop a system for clinical use.
B. Electrical Evaluation
Component values appeared extremely repeatable. Measurement of the resonant frequencies of eight isolated cable elements yielded a standard deviation of 0.7%. Catheter mounting resulted in a mean increase in resonant frequency f 0 of 4%, caused by the deformation of the inductor shape. However, catheter mounting caused a mean reduction in the ratio M /L of only 2%, to around 0.315.
Parameter extraction led to design values for cathetermounted cables and resonant detectors operating at 63.85 MHz. Fig. 6(a) shows the electrical response of a catheter-mounted link. These results should be compared to Fig. 2(a) ; the results are in reasonable agreement, but the transmission is around 2 dB lower and falls more rapidly at higher frequency. The main reasons are likely to be frequency dependence of loss in the conductor, loss in the dielectric and parasitic capacitance, all of which are omitted from the simple model. Fig. 6(b) shows the response of a completed catheter receiver. These results should be compared to Fig. 2(b) . In this case, a separate inductive loop was used to transfer the signal between the detector and the ENA, so the peak transmission (S 21 ) is approximately 15 dB lower. However, there is again generally good agreement. The operating frequency is set to better than 1 MHz, and a loaded Q-factor approaching 30 is obtained. The deep trough in the frequency variation of the reflection (S 11 ) confirms that impedance matching has been achieved.
The axial variation in sensitivity was assessed electrically, by measuring the signal at 63.85 MHz as the loop was moved along the catheter. The results are shown in Fig. 6 (c) and should be compared with Fig. 3(c) . Sensitivity is high at the resonant detector, then falls abruptly, and finally climbs again as losses reduce toward the tap. Losses in the cable section can be extracted as 7-8 dB. For comparison, the loss of an equivalent length of subminiature coaxial cable (0.8 mm dia, Axon Cable Ltd., Dunfermline, U.K.) was measured as ≈1 dB, illustrating the loss penalty of the construction.
Performance was stable against variations in operating condition. Fig. 7(a) shows the frequency dependence of the transmission before and after a nitinol biliary cannulation guidewire (Hydra Jagwire, Boston Scientific, Natick, MA, USA) was inserted into the catheter lumen. The wire shifts the resonant frequency of the system upward, by around 1 MHz and reduces the Q-factor to around 20; however, the response is otherwise relatively unaffected. Fig. 7(b) shows the transmission before and after bending the detector through 90
• around a plastic mandrel of radius 5 mm, used to mimic delivery from the side-port of a duodenoscope. There is little difference in the results. However, the effect of repetitive bending during clinical use has yet to be investigated. RF signals were also transmitted along a catheter fully immersed in the duodenoscope. Once again, a reduction in Q-factor to ≈ 20 was observed, which was traced to the presence of a curved metal section within the biopsy channel. Further work is required to improve electrical compatibility between the duodenoscope and catheter.
C. Magnetic Resonance Imaging
1 H MRI was carried out at St. Mary's Hospital, Paddington, London, U.K., using a 1.5 T Signa Excite clinical scanner (GE, Milwaukee, WI, USA). For the reasons given above, imaging was carried out using phantoms in place of the duodenoscope. The initial phantoms were cuboids filled with a solution containing 3.37 g/L NiCl 2 .6H 2 O and 2.4 g/L NaCl (with T 1 = 500-800 ms and T 2 = 100-200 ms), which were arranged parallel to the magnet bore. B 1 -field decoupling was first verified using an unmounted element, which was placed on a cuboid phantom, and bent through an angle θ at its midpoint in the arrangement of Fig. 3(d) using a balsa-wood ramp. Axial images were then obtained using the body coil along the length of the first section, which remained in contact with the phantom. Imaging was carried out using a fast spoiled gradient recalled echo (GRE) sequence with TR = 68 ms, TE = 2.752 ms, 10 mm slice thickness, 11 mm slice separation, 200 mm FOV, and four averages to improve SNR. Fig. 8 shows a composite axial image along the line A-A' for 30
• flip angle. The phantom is the lower bright region in each case. A small perturbation, ascribed to currents flowing in the capacitor, can be seen as a shallow, off-center bright spot for θ = 0
• . As θ increases toward 60
• , this spot is gradually augmented with a deeper symmetric dark area, due to imbalance between the currents in the two halves of the coil. All perturbations are short-range, and it was not possible to achieve more dramatic results. The same pattern was seen at flip angles of 10
• and 20
• . B 1 coupling effects, therefore, appear consistent and are small even with abrupt, large-angle bends. E-field decoupling was then investigated, using experiments aimed at establishing the potential for electrically induced heating. Four MI cables of different lengths (200, 300, 400, and 500 mm, corresponding to 1, 2, 3, and 4 loops) straddling the critical resonant length were tuned for operation at 63.85 MHz and mounted on separate catheters. The four cables were suspended in an array, which was placed at the center of a long trough with a cross section of 50 mm × 50 mm. To provide an appropriately surrounding medium, the trough was filled with a saline solution (0.7 g/L Na Cl, with a conductivity of 0.26 S/m), thickened to a viscous gel with polyacrylic acid (8 g/L PAA) to prevent convection. A STF-10M fiber-optic temperature probe (Lumasense Technologies Inc., Santa Clara, CA, USA) was attached to the midpoint of each cable, and the fibers were routed to a four-channel Luxtron FOT Lab Kit interfaced to a PC.
RF heating was carried out using the scanner, with the body coil acting as a transmitter. The trough was placed on the patient bed in several positions (on the midline, and close to the body coil) and orientations (conductors parallel to the magnet bore, and arranged obliquely). Heating was carried out using an RFintensive FIESTA sequence, with flip angle up to 120
• , a repeat time TR = 8 ms and an echo time TE = 2.3 ms. Repetitive imaging was carried out, for up to 10 min in each arrangement. The cables were visible due to the incomplete decoupling from B 1 fields. However, no statistically significant temperature changes were observed, in any arrangement, apart from a slow cooling of the gel as it adjusted to the temperature of the magnet room. The experiments were then repeated with the fiber optic probes close to the cable ends, with similar null results.
Image quality was then investigated using a catheter coil, which was taped on top of the phantom with its axis parallel to the magnet bore. The system body coil was used for excitation, and the catheter was connected to an auxiliary coil input for signal reception. No additional protection was provided against direct coupling to the transmitter. Despite this, no damage to the thin-film PCB was observed. Fig. 9(a) shows a coronal localizer image obtained using the body coil for signal reception. Here, the majority of the cuboid phantom can be seen, but the catheter is largely invisible. Its track is only indicated by a residual perturbation to the local magnetization. However, the effect is minor, confirming that the figure-of-eight shaped elements do indeed provide effective cancellation of directly induced signals. Fig. 9(b) shows a coronal image obtained using the catheter coil. Here a 2-D GRE sequence was used, with an echo time TE = 2.78 ms, a repetition time TR = 68 ms, a flip angle of 30
• , a 5 mm slice thickness, and a 400 mm FOV. Four averages were used to improve SNR. The image is now obtained only in the immediate vicinity of the catheter. The tip is clearly visible as a pair of rectangular bright lobes [locations 1 and 3-4, previously shown in Fig. 3(b) ], each around 100 mm long and separated by a darker region 2 where the coil windings cross. At its brightest point, the SNR of the image is ≈ 95. Imaging is also achieved along the cable; however, as expected, the signal is weaker here. Particularly, the signal is much weaker in section 5 immediately following the detector, as predicted in Section II-C. Fig. 9(c) shows a similar image obtained with a slightly different sequence, with the catheter now held in a meandered track, showing that the catheter can still provide high-quality images when significantly distorted.
Further imaging was then carried out using a phantom designed to evaluate the potential for high-resolution imaging in the body. This phantom was a small (1.7 cm ID) cylinder filled with the same solution of NiCl 2 and NaCl, and containing immersed nylon tubes to provide structure. The resolution phantom was sandwiched between two cuboids used to represent body loading. A comparison was then made between the performance of an eight-element GE HD cardiac array coil and the catheter receiver (which was placed on top of the resolution phantom). Fig. 10(a) shows an axial slice image obtained using the array. Here, a 2-D spin echo sequence was used, with TR = 520 ms, TE = 8.704 ms, 90
• flip angle, 2 mm slice thickness, 2.2 mm slice spacing, and 160 mm FOV. Four averages were used to improve SNR, and 19 slices were acquired in 2 min and 49 s. The two cuboids are clearly visible on the LHS and RHS, with the resolution phantom between. The image brightness is generally uniform, increasing slightly near the array elements. Fig. 10(b) shows the corresponding image obtained using the catheter receiver, with the same parameters. The restricted FOV of the catheter receiver is immediately apparent, as is a small artifact immediately beneath it. Due to its nonuniform reception pattern, the SNR achievable using the catheter receiver must depend on distance. However, the corresponding SNR of the array coil should not vary significantly. As a result, although the catheter receiver may have a local SNR advantage, this must sooner or later be lost. Comparative SNR values were computed by assuming the whole of the resolution phantom as the region of interest (ROI) for signal, and rectangular areas on either side as the ROI for noise. The results are shown in Table II . The data are consistent and show that the catheter receiver can achieve similar performance to the array over a useful FOV, a significant achievement for such an embryonic device. Further improvements are likely to follow if propagation losses can be reduced and artifacts can be controlled.
The principle of MR imaging during endoscopy was then demonstrated using a nonfunctioning model of the duodenoscope. This component was constructed from nonmagnetic materials (polyether ether ketone, or PEEK and polyoxymethylene, or Delrin) and consisted of the instrument tip, a section of biopsy channel, and a deflector lever. An imaging catheter was passed through the channel, so that its tip emerged at right angles. The combination was immersed in a tank filled with the NiCl 2 /NaCl solution, arranged as shown in Fig. 11(a) . As before, the body coil was used for excitation, and similar sequences were used. Images were obtained using two averages and an acquisition time of 2 min 13 s. Fig. 11(b) shows a sagittal slice image obtained using the body coil, in which the dummy tip, deflector, and catheter receiver can all be seen against a signal background provided by the immersion liquid. There is some overexcitation near the catheter, presumably because the decoupling is less effective with a curved path. The image is noisy, with an SNR of only 5.6. Using the same sequence parameters, but with additional phantoms to simulate body loading, the SNR obtained using the surface coil array was 16. Fig. 11(c) shows a similar image obtained using the catheter receiver. The FOV is clearly much lower, but the catheter provides uniform imaging along its length, despite the bend at the exit from the tip. However, the sensitivity of the catheter receiver falls off with radial distance. The local variation of SNR was, therefore, assessed using large noise ROIs in the corners of the image and small signal ROIs measuring 5 × 1 pixels, moving away from the catheter tip in steps of 1 pixel as shown. The following SNR values were obtained for the eight signal ROIs nearest the catheter: 70, 52, 36, 26, 20, 14, 10, and 9.5. With the pixel size here (0.4688 mm), these results suggest that the catheter can provide much better local performance than the array at (>4×) at short distance, and equivalent performance to a distance of at least 2 mm in realistic circumstances. Averaging SNR data over a larger area, as was done in Table II, typically provides an over estimate of the useable FOV.
Although these results are some way from human imaging, they clearly demonstrate the new principle of this research, namely detection and transmission of MR images via an entirely printed safe structure that can be applied to a catheter device without affecting its normal operation.
IV. CONCLUSION
We have demonstrated a novel catheter-based receiver for internal MRI, entirely constructed from a single thin-film printed circuit mounted on a hollow catheter scaffold. The circuit consists of a cascade of magnetically coupled inductor loops made resonant with integrated capacitors. Detection of RF signals is achieved by excitation of MI waves. Inherent protection against the E-field and B 1 -field of the transmitter is achieved through transformer subdivision and the use of figure-of-eight resonant elements, respectively. Frequency tuning is carried out by trimming the capacitors, while impedance matching to the detector and the load is achieved by transformer coupling. The system has been designed for operation at 63.85 MHz. However, scaling to other frequencies should be possible, by alteration of the element length.
The system is primarily designed for improving the resolution of imaging at biliary endoscopy, where there is a pressing clinical need owing to the increased prevalence of bile duct tumours. However, further possible applications include imaging of other luminal gastrointestinal diseases, including oesophageal, gastric and pancreatic pathology, intraarterial imaging of major organs including the brain and cardiac imaging. The catheter is guidewire compatible, and small and flexible enough to pass the biopsy channel of a side-opening duodenoscope. The catheter is hermetically sealed and has shown encouraging tolerance to bending. However, further work is required to improve flexibility, confirm reliable operation under the repetitive bending likely to occur during cannulation, and improve duodenoscope compatibility.
Preliminary demonstration of 1 H MRI has been made at 1.5 T using phantoms. The system provides sensitive detection up to the catheter tip, and detection with reduced sensitivity along the catheter length. However, improvements to the MR-safe cable and its immediate electrical environment are required to reduce propagation losses.
Further improvement to the decoupling may also be required to reduce artifacts, especially at the resonant tip. On possibility is optical decoupling [39] , using a waveguide to transfer an optical signal along the cable and hence control a photodiode arranged in parallel with one of the capacitors in the distal loop. Catheterintegrated, optically detunable resonant markers with a fiber feed have already been demonstrated [40] ; here, the challenge would be to combine a printed polymeric waveguide with the thin-film electrical circuit, together with a hybrid integrated photodiode.
Finally, further investigation of residual heating effects is also required before any in vivo imaging can take place. This work is in progress. Subsequent, and finally human, studies are being pursued, although ethical permissions are a substantial source of delay.
